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A PET Scanner 

The present invention relates to a positron emission tomography (PET) camera 
or scanner, 

PET scanners^are well known in the field of medical physics. These scanners 
produce images of the body by detecting radiation emitted from radioactive 
substances injected into the body. Each scanner is made up of radiation 
detectors, typically called scintillators, which are arranged in a ring 
configuration around a movable patient table. A typical arrangement with a 
detector ring 10 and a patient table 12 is shown in Figure 1 . Each scintillator 
comprises a crystal and has an associated partner located opposite it on the ring. 
Many known cameras use Bi 4 Ge 3 Oi2 (BGO) as a scintillation detector, as taught 
in US 4,843,245 and EP 0,437,051 B. Each scintillator is connected to a 
photomultiplier tube, which is in turn connected to read-out electronics. 

During a scan the patient is positioned on the movable table in the centre of the 
ring of detectors. The patient is injected with a radioactive substance, which is 
tagged with a {3 + radioactive atom that has a short decay time, for example 
carbon- 1 1, fluorine- 18, oxygen- 15 or nitrogen-13. During decay of the nuclei 
of the radioisotopes, positrons are given off When a positron is emitted and 
meets an electron, the collision produces two gamma rays that have the same 
energy, 511 keV, but travel in opposite directions. By detecting coincidentally 
the gamma rays generated using scintillators that are diametrically opposed on 
the ring, the trajectory on which the disintegration occurred can be detected. 
The scintillator crystals convert the gamma rays to photons of light that are 
transmitted to the photomultiplier tubes, which convert and amplify the photons 



w electrical signals. These electrical signal, are then proceed by a compter 
,o generate three dim— images of to body ova to region of .uterest 



(e.g. brain, breast, liver) 



An advantage of PET scanning is to ability to determine accurately 
radionuclide localization and * quantify physical processes ,» to body. 
TW. can be done because of the emission from to pauenfs body of two 
. ^mapbo^totrravdinoppostedirections. Another advantage ustha. 
PET June* use biologica. compounds similar or identicai to those foun - 
to human body, such as carbon, nitrogen, and oxygen. * 
PET radionuclides can be substituted directly into biological substances used ; b 
to body. In addition, ., means tha, PET tracers do not merely mrnuc b.oog.cal 
pathways as do agents for some other scanners, instead PET facers actually 
L.owtn.ephysiologicaiandmembolicproces.s. "This is advantageous, in 

lateW «imradioac.iven U c 1 idesuo.conunomyfo»udmtob^^ These 
modified compounds oniy approximate to true distribution in to human body. 

Because of to many advantages inherent in PET scanners, tore is a drive , » 
improve toir performance, toreby to increase to ac^c, of to s,anne4 
images and so assist clinicians. To mis end. work is presentiy bemg done by 
many groups to improve the characteristics of such scanners. 

The most important characteristics of a PET camera are its spatial resolution 
and sensitivity. Conventional PET cameras can provide spatial resohmons m 
,„e range of 4-6 mm a. mil width half maximum (FWHM) of to em.ss.on 
spectrum. Beer spatial resolution requires a .arge number of sant.nat.on 



detecto* with reduced size, and as » cogence, , large number of 
example onprecise brain imaging, require spatia.reso.unon to be.etter.han2 



mm. 



V* combined f ormu.a for a reconstructed image resolution for a PET scaler 
can be expressed as follows: 

r-1.2s/(<i/2) ! +<<ll)022D)' 

Herer is .he reconstructed image reso,u.io» inmmFWHM, 4 is detector ■*+ 
D „ the detector array diameter, which is .ypica..y 600-800 mm for a who.e 
Zy PET scanner and 250-300 mm for a brain PET (NB inc.ud.ng D ta*es 

range (from 0, mm for »F to 4, mm for «M* and Ms an additional 
Jch U derived from a hi, point identification scheme (Anger 
position sensitive phou, detector, U= ana.og ratios among man, ph tomultipuer 
ignaU). Assuming that * is zero for a position sensitive photodetector ^ . 
^e ,0 achieve (with — > - * ^ * " 

aemand on me spatial reso.utio. and sensitivity of PET — .« wti. be 
appreciated that the camera has to be made of long, to detectors w«h h,gh 
sXpi»E Power, in practice, however, this reduces the spatia. reso.ution a. me 
ldofl fl e,dofv te w. This is a disadvantage. ^"^^ 
avoid degradation of the spatial resolution, i, is necessary .0 use a debtor wti, 
Lpth effraction (DO., determination canity, i.e. d. ab«i«y - — e 



the interaction co-ordinate along the detector cell. The most convenient way to 
do this is to use a multi-layer detector, in which the layers are made of material 
with different scintillation properties. Because the layers have different 
characteristics, when a gamma ray is detected it is possible to identify the layer 
that was hit and so determine more accurately the interaction point. 

Many multi-layer detectors are known. For example, US 4,843,245 describes a 
multi-layer scintillator that uses adjacent BGO and GSO (Gd 2 Si0 5 ) crystals. EP 
0,219,648 teaches the use of a three layer scintillator that has an inner layer of 
BaF 2 , a middle layer of GSO and an outer layer of BGO. WO 99/24848 also 
teaches the use of a multi-layer detector and in particular a "phoswich" detector, 
in which different detector layers are made of different scintillators with 
different decay times. The phoswich described in WO 99/24848 has two layers, 
one each of BGO and Lu 2 Si0 5 :Ce (LSO). 

Another known multi-layer detector uses a combination of LSO and GSO. In 
this case, hit layer determination is carried out using pulse shape discrimination. 
This can be done because of the large difference in decay time constants of the 
LSO and GSO layers. Unfortunately, the photoelectric absorption coefficient of 
GSO is much less than that of LSO. This means that the stopping power of the 
GSO is limited, which introduces a degree of uncertainty into the determination 
of the hit layer. 

In yet another known PET, the scintillation detectors are made of layers of 
"fast" and "slow" LSO scintillators, grown with different cerium concentrations. 



As with the LSO and GSO detectors, pulse shape discrimination is used to 
determine the hit layer. A disadvantage of this particular device is, however, 
that the difference in decay time constants of "fast" and "slow" LSO is only 
about 10% (4-5 nanoseconds at mean value of 40ns). Hence, there can be 
difficulty in determining the hit layer with any certainty. 

In addition to limitations on the spatial resolution of known PET scanners, there 
is also a geometrical limitation on the spatial resolution at the end of a PET 
scanner field of view. This is the so-called radial elongation distortion, which 
occurs when gamma trajectories cross several scintillation detectors, 

An object of the present invention is to provide an improved scintillation 
detector for a PET camera and an improved PET camera. ' 

Various aspects of the invention are defined in the accompanying independent 
claims. Some preferred features are defined in the dependent claims. 

According to one aspect of the present invention, there is provided a positron 
emission tomography camera or scanner comprising a patient area, a detector 
ring for detecting radiation from opposite sides of the patient area, the ring 
including a plurality of scintillation detectors directed towards the patient area, 
the scintillation detectors being such as to emit light when radiation is incident 
thereon, and converting means optically coupled to the scintillation detectors 
for converting light emitted by the scintillation detectors to electrical pulses, 
wherein the scintillation detectors comprise LuA10 3 :Ce (LuAP). 



Tfc. UuAP may include Yi«rium to form LuYAP. The amount of VMum may 
I! ,„ ft. range of beKveen 0% and 30% b, atomic % of ft. Lutetium — 

Preferably, mo «M on oetectors ^ ^ '^Hl 

means ar Provided for determining defter detected — was mctd^on 
rLnApL.heLSO.Tnede^ntagn^maybeoperab.e.o^ysefte 

ftc layer in which *e radiation was detected. 

A wavelength divider may be provided between each Nation debtor and 
tassociatlonvertingmeans. The wavelength divider and the convey 

mvider and each converting means spans two adjacent sctntt.Wors. The 

interference Alter and,or a difflaction grating and/or a pnsm and/or a dtfrractivc 
micro-optic array and/or a retractive micro-optic array. 

position sensitive photomuttiplier tubes or avalanche photodiodes or PIH 

photodiodes, 

According ,0 another aspect of *e present invention, there is provided a 
patron emission tomography camera or scanner including a pM«r of 
scintillators, wherein the scintillators comprise LuA10,:Ce (LuAP). 



The LuAP may include Yittriumto formLuYAP. The amount of Yinrium may 
„e inth. ran B e of betweenO* and 30% by atomic % of me Lutetium contents. 
Preferably, each sointillator to a layer of LSO. 

According to ye, another .pec, of the present invention, mere is provided a 
scintillator for use in a PET scanner, the scintillator comprising LuAP. 

♦ * ^TnVAP The amount of Yittrium may 
TheLuAPmayincludeYitmumtoformLuYAP. tnearooo 

beinu.enmgeofbetweenO%a«d30%ofmeLuteUumcon,en B . Preferably, 
each scintillator further includes a layer of LSO. 

According to still another aspect in which the invention is embodied, there is 
provided a positron emission tomography camera or scanner compnsmg a 
plurality of scintillation detectors directed towards a patient area, the 
scintfflation detectors being such as to emit Ugh, when radiation is modem 
.hereon, the scintillation detectot* comprising two different layersof 
scintillation material, each ofwhich emits different scintillation light, and 
converting means optically coupled to the scintillation detectors for convenmg 
, ig h. emitted by the scintillation detectors to electtical pulses, wherein an 
optical element is positioned in an optical pa* between the scintillation 
detectors and the converting means, the optica element being such that hgh, 
from one layer of the scintillation detector is affected in on. way and ugh, from 
the other layer of the scintillation detector is affected in another way. 

A „ advantage of mis is arrangement is that the scintillation Ugh, mat is emitted 
ftom each of the scintillation layers is affected by the presence of the opucal 
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more readily identified. 

Various cameras and — 0— '» *» — * f* 4 " 

* describe by way of example only and with — ,o the accompany** 

drawings, of which: # 

Figure 2(a) is a side view of a first detector for use m a PET, 
Figure 2(b) is a front view on arrow A of Figure 2(a); 
Figure 3 shows a table that includes various scintillation 
characteristics of LSO, LuAP and GSO scintillators; 

based on LSO, LuAP and GSO scintillators, at Ef*l *eV, vs crystal 

thickness; 

Figure 5 shows emission spectra for LSO and LuAP, and 
Figure 6 is a block diagram of a second detector for use in a PET. 

The PET in which the invention is embodied uses scintiliators ma, comprise 
,„,e«ium based crystals, .n parncmar, the scintillator in which the invention ,s 
^iedusesL-PorLuYAP. ,„ te fo.,owin g Ure acronyn « 
represent either LuAP or LuYAP. This materia, has many propemes that make 

it useful as a scintillator. 

Figures 2(a) and (b) show two scintillators for a PET scanner, each of which 
prises an inner .ayer of LSO .4,6 andalayerof LuAP 18 ,20. Eac^yer 
of LSO and LuAP is preferably less man 20mm thick. Adjacent each LuAP 
, ayCT IS 20 and opticaUy coupled thereto is aphotodetector 22^4 for deteCng 
light emitted either from the LSO ,4,>6or,hcL„AP 1S.20. The photodetectors 



22,24 can be of any suitable type, but typically include photo-multipliers or 
avalanche photodiodes. Signals from the photodetectors 22,24 are processed 
using read-out electronics (not shown). In practice, a plurality of the 
scintillators and photodetectors shown in Figure 2 are provided in a ring 
configuration around a patient table, in accordance with conventional layout for 
PET scanners. Using signals from the photodetectors, an image of the tissue 
being scanned can be constructed. 

The use of LuAP in the scanner of Figures 2(a) and (b) provides various 
benefits. This is because of the advantageous crystal characteristics of LuAP. 

Relative properties of LuAP, LSO and GSO are shown in the table of Figure 3, 
from which it can be seen that the photoelectric absorption coefficient of LuAP 
at 5 1 1 keV is 0.31, which is comparable to LSO which has a photoelectric 
absorption coefficient of 030* In contrast, the photoelectric absorption 
coefficient for GSO is 0.18. This means that the effective stopping power of 
GSO is significantly less than that of either of LSO or LuAP. In addition, the 
decay constant for LuAP is 1 Ins for 60 per cent of the emitted light, whereas 
for LSO it is 40ns. This is a relatively large difference. This is advantageous 
for the LSO/LuAP scintillator of Figure 2, because it means that pulse width 
discrimination can be used to accurately determine the hit layer. A further 
advantage of the LSO/LuAP device of Figure 2 is that LuAP is transparent to 
LSO scintillation light. This means that light emitted from the inner LSO layer 
can pass substantially unimpeded through the LuAP to the photodetector. This 
improves the sensitivity of the detection process. 
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Native ***** « «X «-» *- - ° f ^ LS ° ? fre 
respectively are shown as a .toft. - «*- » 

4. b shou.d be noted mat me revive probability of d.«ec.,ng double ^ 

commence of photo action events is taken as a measure of the PET rmg 



sensitivity. 



„ *w tv»<» ^niitivitv of a PET scanner that uses 
From Figure 4, it can be seen that the sensitivity 

(comparing scanned of the s^e sUe). Hence, me dual layer LSO/LuAP 

scintiHator of Figure 2 can be mace more sens**, than a 

LSO/QSO scintillator ofthe same size. Anemativdy. me same sensmv,,y can 

oeobuineousingasigriflcanUymin.erLSO/LuAPscimiUa^r.Tn.s.s 

advan^becauseitmeansma, me overalisizeofmePFT scanner canbe 

of LSO/LuAP and a dua. iayer deKctor »*de of LSO/GSO, me same .eve, , 
sensitivity can be obtained when the LuAP layer is about 1 .7 times ttunner than 
Hayer of GSO. This means that the PET scanner made of LSO/LuAP has ^ 
J, spatia, region a, the end of the field o, view man a scanner mad tan 
LSO/OSO andmecos. is ,My to be lower, beeause me volume of crystal 

needed is reduced. 

FigureSshowseunssionspectraforeachofLSOandLuAPFrommisiscan 
JLma,theLSO spectra hasatnaximum of 420nm and me LuAP spe^a 
haS amaximumof37S„m. Hence, if.he.ight detected by me photodeuc^ of 
Figure 2 is a. 378nm, mis indicates that the LuAP was hi,, whereas >f the Ugh. 
detected „ at 420nm, .Ms indict ma. me LSO was hi, This means ft. ,„ 
addition to using pulse width discrimination, the spectral selectton of me 



11 



the light 

Figure 6 shows plurality of like scintillators for a PET camera, each 
hraLSO.ayer26.28andaLuAPlayer30.32. As hefore. each layer of LSO 

scintillators are a plurality ofwavelength division element 34.36. Eachof 

. a „d36havedifferenttransnlu 1 sioncoefnc 1 cnts. Intsmau 
scintinator is adjacent two different wavetengfc dividers 34 and 36 The 

of the LSO and the LuAP layers 26 and 30 respectively, whereas filter 36 s 
Loarentfor emissions ftomthcLoAP layer 26 and semi-transparent or 
^ ITLtheLSOlaye^. Hence, whiUt the fUter 34 affects lighten 
Tdifferent scintillation layers to the same ertent, the niter 36 affects!* 
HLuAP inone way and light from the LSO layer in another way. 

To detect scin.il.aaon light from the scintillators of Fignre 6, photodetectors 3S 
and 40 are optically coupled to the wavelength dividers 34,36. Each 

uost^lyinlmewimitsa^^^ 

spa ns two adjacent scintillation detectors. Coupled to each photodetector 38.40 
;:ramp,iner42,44 for anting Us output Signals fromthe amphfiers 
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nftlrteue t0 digital converter 46 for processing. The 
42,44 are output to an analogue to digit 

~ „ nluralitv of the scintillators and photodetectors 
Top.ovideaPETscanner.a^ ^^ 9gjia ^ M ^^ 
shown in Figure 6 are provided in a ring eon 
accordance with the conventional practice. 

a • v.;t the amolitudes of the electrical 
p ulses from pho.odeKCU.rs 38 and 40 q ^ fa 

■ kA T cn H^tector 26 is rot, tne ampii^ uv 
when the LbU aeieciuj ^ because the 

wavelength divider 34 is tran P 

layer can be identified. 

i noth dividers 34 and 36 of Figure 6 comprise a glass filter, 
Whilst the wavelength dividers fa , nterferenc e filter and/or a 

t^coulde^^ 

diffraction grating and/or a prism and/or a diffractivem 
refractive micro-optic array. 
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Lcra Furthermore, in . dna. iayer configuration *• Terence « d*a 
of LSO andLuAP (40 »s and U - for 60 per cen, of ft, : ermned 
^-ta^*-*— ionau^optionandaUows 

effective hit layer determination. 

„ possibie witon, departing torn ft, invention. Accordingiy, to desonptton 
of Ure .peciflc embodiments is made by way of e^mple and no, &r *e 

purposesofiimitation. u wili b* ele* <o to sldUed pe^n tot mmor 
modiflca^canbenMdewitou.significan.changesmtooperaUon 

described above. 



